The extracellular matrix (ECM) is a complex assembly of structural proteins that provides physical support and biochemical signaling to cells in tissues. The mechanical properties of the ECM have been found to play a key role in regulating cell behaviors such as differentiation and malignancy. Gels formed from ECM protein biopolymers such as collagen or fibrin are commonly used for 3D cell culture models of tissue. One of the most striking features of these gels is that they exhibit nonlinear elasticity, undergoing strain stiffening. However, these gels are also viscoelastic and exhibit stress relaxation, with the resistance of the gel to a deformation relaxing over time. Recent studies have suggested that cells sense and respond to both nonlinear elasticity and viscoelasticity of ECM, yet little is known about the connection between nonlinear elasticity and viscoelasticity. Here, we report that, as strain is increased, not only do biopolymer gels stiffen but they also exhibit faster stress relaxation, reducing the timescale over which elastic energy is dissipated. This effect is not universal to all biological gels and is mediated through weak cross-links. Mechanistically, computational modeling and atomic force microscopy (AFM) indicate that strain-enhanced stress relaxation of collagen gels arises from force-dependent unbinding of weak bonds between collagen fibers. The broader effect of strain-enhanced stress relaxation is to rapidly diminish strain stiffening over time. These results reveal the interplay between nonlinear elasticity and viscoelasticity in collagen gels, and highlight the complexity of the ECM mechanics that are likely sensed through cellular mechanotransduction.
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collagen mechanics | viscoelasticity | force-dependent unbinding | biopolymers | stress relaxation T he composition and architecture of ECM is heterogeneous and varies with tissue type and location. One particularly important ECM protein is type Ι collagen, which is the most abundant ECM component and primarily determines the mechanics of connective tissue (1) . Type 1 collagen self-assembles into fibers, and these fibers can form networks in vitro. Studies investigating the mechanical properties of collagen networks have revealed that these networks are nonlinearly elastic and exhibit strain stiffening, or an increase in the elasticity as the strain on the network is enhanced (1) (2) (3) . This nonlinear elasticity is also a characteristic feature of fibrin gels, which serve as the major component of blood clots, as well as in reconstituted networks of intermediate filaments and cytoskeletal actin networks (2, (4) (5) (6) (7) . These networks are all composed of semiflexible polymers or fibers, which are relatively rigid, so that the tangent to the contour of the polymer is correlated over long lengths, yet undergo substantial bending fluctuations due to thermal energy. Semiflexible polymers or fibers form networks at low volume fractions (8) . Strain stiffening in these networks is thought to arise from either the entropic elasticity of single polymers resisting extension (entropic model) (2, 5) , or from alignment of fibers in the direction of strain with a corresponding transition to a regime of elasticity dominated by fiber stretching at higher strains (nonentropic model) (5, 7, 9, 10) . Although it has long been known that cells sense and respond to the elastic modulus of ECMs (11) (12) (13) (14) , recent work has indicated an impact of nonlinear elasticity as well. Studies have found that the nonlinear elasticity of ECM regulates modes of cell motility (15) and differentiation of mesenchymal stem cells (16) , alters how far cells are able to sense into the ECM (17) , and enables long-range mechanical signaling between cells (18) .
In addition to often displaying nonlinear elasticity, most biological gels are viscoelastic and exhibit a time-dependent elastic modulus. These gels undergo stress relaxation in response to an applied strain: the initial stress resisting an applied strain decreases over time due to reorganization processes that relax the stresses in the matrix. In the case of collagen gels typically used for in vitro studies, viscoelasticity and stress relaxation likely arise from unbinding of the weak interactions, such as hydrophobic and electrostatic forces, which hold the fibers in a network (19) (20) (21) . Interestingly, recent studies have found that viscoelasticity in synthetic hydrogels used as cell culture substrates can influence cell behaviors such as spreading, proliferation, and differentiation (22) (23) (24) (25) . The nonlinear elasticity of collagen and fibrin is dependent on the history of applied strains, indicating an influence of viscoelasticity on nonlinear elasticity (19) . Here, we directly investigate the coupling between viscoelasticity and nonlinear elasticity for various gels, and find that increased strain leads to faster stress relaxation in collagen and fibrin gels. In collagen gels, these results can be explained by force-dependent unbinding of cross-links, and indicate a mechanism whereby strain stiffening is rapidly dissipated.
Results
Since strain stiffening is induced from increasing strain (2), we first examined the stress relaxation of collagen gels as a function of increasing shear strain (Fig. 1A) . In a stress relaxation test, a constant strain is applied to the gel, and the stress, directly proportional to the shear modulus in this test, is measured over time. Stress relaxation tests were conducted on collagen gels with various strains using a rheometer (Fig. 1B) . Strikingly, normalization of the stress
Significance
The extracellular matrix is a complex assembly of structural proteins that provides physical support and biochemical signaling to cells within our tissues. One of the key structural components of the extracellular matrix is collagen, and matrices of collagen exhibit remarkable mechanical properties. Their resistance to deformation is enhanced as deformation is increased over short timescales, a behavior termed strain stiffening, yet they exhibit some characteristics of viscous fluids at longer timescales. Strikingly, we show that the strain stiffening of collagen matrices is coupled with their liquid-like behavior: at greater deformations, these matrices become stiffer but then flow more rapidly to relax this increase in stiffness. These complex mechanical behaviors are likely to be relevant to cellular interactions with these matrices. relaxation data with the initial values of stress for each strain revealed an enhancement in the rate of stress relaxation as strain was increased: higher strains led to faster relaxation (Fig. 1C) . As the initial strain rate applied to establish a constant strain varied for these tests, stress relaxation tests with a constant strain rate were conducted and demonstrated the same behavior ( Fig. S1 A and B) . Similar results were found at a higher concentration of collagen (Fig. S1E) . The stress relaxation behavior cannot be explained by poroelastic effects, as poroelastic stress relaxation, arising from water migration out of the gel, requires a volumetric deformation of the material, whereas shear rheology imposes a volume-preserving deformation on the gel (26) . Consistent with the findings of the stress relaxation tests, creep tests, in which strain in response to a constant stress is measured, indicated that material flow was enhanced by increased stresses (Fig. S2) . Additionally, frequencydependent rheology tests demonstrate an increase in the loss modulus at higher strains (Fig. S3A) , so that enhanced stress or strain generally induced increased viscous behaviors in the viscoelastic gels. To examine the implications of this strain-enhanced stress relaxation in collagen for nonlinear elasticity, the results were displayed isochronally (Fig. 1D) . Immediately following the applied strain, the elastic modulus increased significantly over strain as consistent with previous reports (1-3). However, strain stiffening was substantially diminished within 1 s, and almost disappeared by 300 s, due to the strain-enhanced stress relaxation.
After finding strain-enhanced relaxation of collagen gels, we investigated whether strain-enhanced stress relaxation is a common behavior of other viscoelastic gels. First, the strain dependency of stress relaxation in fibrin gels, which form fiber networks similar to collagen, was examined. Fibrin gels also showed strain-enhanced stress relaxation, as well as a corresponding decline of strain stiffening over time, similar to collagen ( Fig. 2 A and B and Fig. S1 C and D). Next, reconstituted basement membrane (rBM) matrix, a nonfibrillar matrix often used for 3D cell culture, was tested. Interestingly, although rBM matrix exhibited substantial stress relaxation, stress relaxation rates were similar for all strains, contrasting the behavior in collagen and fibrin gels (Fig. 2C) . rBM matrix also displayed strain stiffening (Fig. S3E) , demonstrating that strain stiffening is not necessarily associated with strain-enhanced stress relaxation. Finally, strain dependence of stress relaxation in agarose and polyacrylamide, which have been used for cancer spheroid assays and as substrates for 2D culture of cells (27) , respectively, were assessed. Both nanoporous hydrogels are almost purely elastic, exhibiting very little stress relaxation across all strains below the fracture strain (Fig. 2 D and E) . A comparison of the dependence of the time constant of stress relaxation, defined as the time over which the stress was relaxed halfway between its initial and equilibrium value (Fig. S4) , on the strain highlighted the distinct classes of behavior (Fig. 2F) . The time constants for relaxation of collagen and fibrin markedly decreased as strain increased, whereas other materials exhibited a strain-independent stress relaxation.
Next, we investigated the basis for strain-enhanced stress relaxation in collagen gels. The collagen gels are formed through weak cross-links between fibers, so we tested whether forming rigid covalent cross-links would impact stress relaxation. Collagen gels covalently cross-linked with glutaraldehyde (GTA) or transglutaminase (tTG) displayed a diminished degree of stress relaxation, although strain enhanced stress relaxation was still observed (Fig. 3A and Figs. S5 A and B and S6 A and B). Similar results were found from testing of fibrin gels cross-linked with factor XIII (Fig. 3B and Figs. S5E and S6C). These suggest that strain-enhanced stress relaxation in fibrin and collagen are associated with weak cross-linking. To reveal other important factors underlying strain-enhanced stress relaxation, stress relaxation tests were applied sequentially. After one stress relaxation test had been conducted on a collagen gel, an identical stress relaxation test was imposed again after the gel was allowed to equilibrate (Fig. 3C, Inset) . The initial elastic modulus for the second step was dramatically reduced, indicating that plastic deformation, or permanent remodeling of gel architecture, had occurred (Fig. 3C ). Plasticity was assessed by visualizing and quantifying fiber orientation initially, under shear, and following removal of the shear (Fig. 3D and Fig. S7A) . A change in orientation of the fibers is induced by shear, and the change is sustained following removal of the imposed shear (Fig. 3 D and E) , demonstrating plasticity. Next, a negative shear strain of the same magnitude was applied without any equilibration time following an initial stress relaxation test, and showed that the initial elastic modulus decreased slightly compared with the first step (Fig. 3F) . When equilibration time was allowed between the stress relaxation tests, however, the gel recovered an initial modulus that was similar to the original value ( Fig. 3 G and H) . Although fiber lengthening may occur and lead to relaxation of the gels during the stress relaxation tests, self-assembly of the fibers is quenched by the time of the second test and the process of fiber lengthening is irreversible (19) . Thus, the recovery of the modulus after an equilibration time indicates that the stress relaxation response cannot be fully explained by fiber lengthening. Instead, these results suggest a component of fiber-fiber unbinding during the first stress relaxation test, followed by rebinding of fibers during the equilibration time, leading to the recovery of the elastic modulus. Together, these results indicate axially dependent reorganization of the networks and unbinding of fibers due to a shear strain, followed by rebinding of fibers over time.
One plausible explanation for the strain-enhanced stress relaxation behavior of collagen gels is that it arises from forcedependent unbinding of bonds between fibers (Fig. 4A) . When a strain is initially applied to the networks, individual fibers in the network are strained and exert a force opposing the strain based on their force-extension relation, leading to strain stiffening due to the nonlinear elasticity of single filaments (entropic model) or alignment of fibers in the direction of strain (nonentropic model) as has been proposed previously (2, 7) . Forces on the fibers are carried through the bonds that link the fibers together in the network. Following the Bell model (28), we propose that unbinding of these links is force dependent, and that a greater force leads to a higher probability of unbinding. This force-dependent unbinding could lead to strainenhanced stress relaxation: greater strains on the network lead to higher forces carried by the fibers and thus higher forces on the bonds linking the fibers, which in turn leads to faster unbinding of the fibers. Unbound fibers do not carry any force, so that unbinding of a fiber leads to a decrease in stress and network elasticity. Shorter timescales of unbinding translate to faster relaxation of stresses in the gel overall. Subsequently, we expect that unbound fibers can then rejoin to the network in a more relaxed state. We used computational modeling to investigate the feasibility of the proposed mechanism in both entropic and nonentropic models of nonlinear elasticity. Force-dependent unbinding and fiber rebinding Multiple-stepwise stress relaxation test with a positive strain followed immediately by a test with a negative strain of the same magnitude, and (G) a stress relaxation test with a positive strain followed by a test with a negative strain of the same magnitude following an equilibration time. (H) A comparison of the recovery of the elastic modulus in a negative strain stress relaxation test following a positive stress relaxation test with or without an equilibration time. G 1 and G 2 represent the initial elastic modulus starting with stress relaxation. Data are shown as mean ± SD; n = 5. *P < 0.05; **P < 0.01; ****P < 0.0001 (Student's t test). Insets are all schematics that describe the procedure for multiple stress relaxation tests. Red lines represent the first step of stress relaxation, and blue ones represent the successive stress relaxation.
were incorporated into previously established time-independent models (2, 7) for nonlinear elasticity in biological gels (SI Materials and Methods and Fig. S8 ). Force-dependent unbinding probability of fibers was incorporated through the following modification of the Bell model (28):
where p b is the probability of a given fiber in the network being bound and k b and k u are constants for binding and unbinding probability, f is the force on a single fiber, and γ c is a constant representing bond strength (SI Materials and Methods). Unbound fibers are assumed to have a constant probability of rebinding to the networks in a more relaxed state (SI Materials and Methods). With these inputs, the simulations of stress relaxation of fiber networks under different strains displayed the experimentally observed strainenhanced stress relaxation behavior of collagen gels in both the entropic and nonentropic models (Fig. 4 B and C) . When the forcedependent unbinding model was implemented without rebinding of fibers, the elastic moduli collapsed faster than those of experiments in both the entropic and nonentropic models (Fig. 4 D and E). This suggests that fiber rebinding may account for the nonzero equilibrium moduli that were experimentally observed (Fig. S1F) . Alternatively, when both models were implemented with a probability of unbinding that is force independent, the simulations showed that stress relaxation became independent of strain, reminiscent of the behavior of rBM gels (Fig. 4 F and G) . Taken together, these simulations indicate that force-dependent unbinding followed by rebinding of fibers can explain strain-enhanced stress relaxation in collagen networks.
To directly verify the proposed molecular mechanism of forcedependent unbinding of fibers in collagen gels, the lifetimes of collagen fiber attachments under different forces were measured using atomic force microscopy (AFM) (Fig. 5A) . First, collagen fibers were bound to AFM cantilever tips functionalized with a type I collagen antibody (SI Materials and Methods and Fig. S9A) . Next, the collagen-coated AFM tips were indented into collagen gels, to initiate binding between collagen fibers on the tip and in the gel, and then constant tensile forces were exerted on these attachments until the attachments were ruptured. The lifetimes of the attachments were determined from these curves and found to decay exponentially with an increase in the clamping force ( Fig. 5 B and C) . Although the architecture of interactions between collagen fibers on the AFM cantilever and the surface of the collagen gel might not capture the interactions of collagen fibers that are polymerized together in the gel, the fundamental bonding mechanism between collagen fibers is expected to be similar. These results directly demonstrate the force dependence of unbinding of collagen fibers.
Discussion and Conclusion
In summary, collagen and fibrin gels stiffen as strained, but the strain stiffening is diminished over time due to strain-enhanced stress relaxation. Both entropic and nonentropic models of collagen network mechanics reveal that force-dependent unbinding between fibers leads to strain-enhanced stress relaxation, and AFM experiments confirm the presence of force-dependent unbinding between collagen fibers. We note that previous results have implicated the role of intrafibrillar lengthening in stress relaxation (19, 29, 30) . . Force-dependent unbinding of fibers leads to strain-enhanced stress relaxation in fiber networks. (A) Schematic of the proposed mechanism underlying strain-enhanced stress relaxation. Under strain imposed during a stress relaxation test, fibers in the network are strained and exert a force resisting the strain determined by the fiber's force-extension relaxation. These forces are transmitted through cross-link points linking the fibers together. It is hypothesized that the probability of unbinding or cross-link disassociation is force dependent, or a higher force leads to a greater probability of unbinding for a fiber. This is predicted to lead to strain-enhanced stress relaxation. Unbound fibers can rebind to the networks, contributing the elastic modulus again. Comparison of stress relaxation data from experiments (exp, dotted line) and the corresponding results from the computational simulations (sim, solid line) of (B) the entropic model and (C) the nonentropic model for various strains. Simulation results given the assumptions that there is no rebinding of fibers to the networks for (D) the entropic model and (E) nonentropic model or that the probability of binding is independent of the force for (F) the entropic model and (G) nonentropic model.
However, intrafibrillar stress relaxation cannot explain the recovery of elastic modulus in double stress relaxation tests because the process of fiber lengthening is irreversible (Fig. 3 F and G) . Furthermore, fiber lengthening cannot account for the permanent change in orientation of the fibers when the strain is removed while unbinding of fibers from one another, followed by reorientation of the fiber, and rebinding can (Fig. 3 D and E) . Together, these indicate the force-dependent unbinding of fibers as the molecular mechanism underlying the observed behavior of strain-enhanced stress relaxation. However, it is likely that intrafibrillar lengthening, arising from sliding of fibrils relative to one another within a fiber, plays a role in the bulk stress relaxation tests reported here. It is possible that intrafibrillar lengthening may dominate the stress relaxation response at longer timescales over which the predictions from models based on force-dependent unbinding of fibers deviates from the experimental results (Fig. S10) .
The viscoelastic behavior of collagen networks observed in this study contrasts with that of cross-linked actin networks. Actin is an intracellular semiflexible biopolymer, and cross-linked actin networks exhibit strain stiffening as does collagen (2, 5) . A recent study examined the viscoelasticity of actin networks cross-linked by heavy meromyosin both experimentally and computationally (31) . In response to a strain impulse, actin networks undergo fluidization, or a decrease in the elastic modulus and increase in the viscous modulus, followed by a full recovery of the initial properties. These results were modeled using a glassy worm-like chain model of actin, which accounts for the caging and enthalpic trapping of a worm-like chain polymer in a network by expanding the relaxation time modes of the worm-like chain (32), combined with reversible force-dependent bonds between the filaments. This model captured the experimentally observed behavior of fluidization and recovery in the actin networks. In contrast to the actin networks, collagen gels do not fully recover following fluidization and exhibit substantial plasticity (Fig. 3 D and E) , highlighting the distinct behaviors between crosslinked actin networks and collagen gels (Fig. S11) . However, we expect that incorporation of the glassy worm-like chain model into our entropic model of collagen network viscoelasticity that includes irreversible force-dependent bonds would result in a prediction of strain-enhanced stress relaxation, as fiber bonds in this model would also carry increased force at higher strains.
For 3D cell culture experiments using collagen gels as ECM, these results suggest that the effect of mechanical properties of the ECM on cells may be highly dependent on the strain that cells exert, timescales over which cells sense mechanical cues, and the crosslinking state of the matrix. Although the higher the strain that cells exert on these matrices the higher the resistance cells encounter, the resistance of the ECM is relaxed rapidly due to strain-enhanced stress relaxation. The timescale for the cell-extracellular matrix interactions underlying mechanotransduction spans several orders of magnitude of time. Cells are able to bind to ECM over a timescale of ∼1 s (12), exert forces, and form stable adhesions on a timescale of minutes (23) , and undergo cell spreading on a timescale of hours (33) . These timescales fall within the range of time over which strain-enhanced stress relaxation is observed. Furthermore, cells on 2D substrates (34) and in 3D collagen gels (35) can exert strains of up to 0.5 and stresses on the order of 100-1,000 Pa (36), which are within the range of strains and stresses imposed and measured in our stress relaxation tests (Fig. 1B) . Therefore, due to the overlap in timescales, levels of stress, and levels of strain between the regime over which strain-enhanced stress relaxation is observed with those relevant to cell-ECM interactions, it is expected that strainenhanced stress relaxation impacts cell-ECM mechanotransduction. It was found that a greater degree of covalent cross-linking reduced the degree of stress relaxation in matrices. Interestingly, strainenhanced stress relaxation is still observed in the presence of covalent cross-links, although the degree of stress relaxation is reduced (Fig. S6) . Even in the case of fully cross-linked networks, cells secrete proteases to degrade collagen networks, possibly enhancing stress relaxation of the matrix adjacent to the cell (37) .
There is some evidence that strain-enhanced stress relaxation behavior in collagen networks may be relevant to bulk tissue mechanics. Collagen fiber networks in skin exhibit plastic deformation under tensile loading due to slipping of collagen fibers (38) , and sliding of collagen is observed in developing tendon (39) , indicating the physiological relevance of weak bonds in collagen. However, one commonly used model of tissue biomechanics is the quasilinear viscoelastic model introduced by Fung (40) , which decouples the contribution of the strain-dependent and time-dependent components of the stress relaxation response. In contrast, we have found that there is coupling between the strain-and time-dependent components of the response in in vitro collagen gels, as the timescale for relaxation is strain dependent. It is possible that this difference could be explained by the different structural composition of in vivo tissues, as tissues consist of various other structural components including elastin (38) , and exhibit different levels of covalent cross-linking (41) . Alternatively, another explanation could be in the standard practice of preconditioning biological tissues, or exerting stress-strain cycles on the tissue until the observed stress-strain curve is repeatable, before measurements are recorded and analyzed. The process of preconditioning may break the weak bonds in the collagen networks. Indeed, a study of preconditioning found it to be associated with enhanced collagen fiber alignment (42) . There are some studies that have reported strainenhanced stress relaxation in tissues such as ligaments and tendon (43, 44) , although the mechanism of strain-enhanced relaxation underlying this tissue-scale behavior was not established.
Although the stiffness of ECM has been characterized in various contexts, these results highlight the complex viscoelastic properties of ECM at the microscale. Collagen networks strain stiffen, but the degree of strain stiffening is diminished over time due to strainenhanced stress relaxation. Elucidating the complex mechanical behaviors in the ECM may be critical to understanding the how the mechanics of the ECM regulates cell behaviors.
Materials and Methods
Materials Preparation. All gels were formed between the rheometer plates. Collagen type Ι (Corning) was diluted at 4°C by 10× and 1× DMEM to reach a final concentration of 1 mg/mL, and pH was adjusted to 8.5 by adding 1 M NaOH, and immediately deposited on the rheometer plates. Polymerization of collagen was initiated by heating the solution to 37°C. Matrigel (Corning) was used as rBM matrix at a concentration of 9.2 mg/mL The gelation of rBM was also initiated by heating to 37°C. Low gelling temperature Agarose (Sigma) was dissolved into 1× DMEM to a concentration of 1% (wt/vol) at a pH of 7.4. Green boxes indicate the lifetime measurements from the initial force-clamp experiments using an antibody-only coated cantilever, before the collagen fibers are attached to the cantilever. Data are shown as mean ± SD; n = 40.
The solid agarose was heated before use so that it forms a liquid and then cooled to 25°C to solidify. The polyacrylamide gel was prepared by mixing acrylamide [3% (vol/vol)] and bis-acrylamide (0.15%) with tetramethylethylenediamine and ammonia persulfate following standard methods (45) . For preparation of fibrin gel with cross-linking, 2 mg/mL human fibrinogen with factor XΙΙΙ diluted by 50 mM Tris·HCl buffer (7) at pH 7.4, containing 150 mM NaCl and 10 mM CaCl 2 , was mixed with human thrombin to a final concentration of 0.6 U/mL. To purify the fibrinogen of factor XΙΙΙ, human fibrinogen depleted of plasminogen, von Willebrand factor, and fibronectin (Enzyme Research Laboratories) was passed through an affinity column containing an antibody to factor XΙΙΙ (Affinity Biologicals) coupled to the CNBr Sepharose (Sigma) following a previously published method (19) . To cross-link collagen networks covalently, a solution of 0.2% GTA (Sigma) in 1× DMEM was deposited around the collagen gel between the rheometer plates, after collagen have polymerized for at least 20 min. The GTA was allowed to diffuse into the collagen gel and cross-link it for 2 h before mechanical testing. After 2 h, the storage modulus of the collagen gels cross-linked by GTA was equilibrated. Collagen gels were also cross-linked with tTG (Sigma). The tTG was pretreated in 2 mM DTT in 50 mM Tris buffer (pH 7.4) for 10 min at room temperature before adding to a final buffer containing 5 mM CaCl 2 . Collagen stock solution was mixed with 2 mM DTT and 5 mM CaCl 2 in 50 mM Tris buffer to a final weight ratio between collagen and tTG of 50:1 (wt/wt). The storage modulus did not reach an equilibrium value for collagen gels cross-linked with tTG, so stress relaxation tests were all conducted after 5 h of cross-linking.
Measurement of Stress Relaxation. Rheology measurements of stress relaxation were performed using an AR-G2 stress-controlled rheometer (TA Instruments) equipped with 25-mm top-and bottom-plate geometry. Plates with stainless-steel surfaces were used for all of the materials except for collagen, as collagen gels were found to slip on the stainless-steel surface. To enhance the attachment of collagen to the surface, 25-mm poly-L-lysine-coated coverslips (Neuvitro Corporation) were glued to the surface. With this attachment, slipping of collagen against the surface was prevented. All materials were deposited onto the bottom plate of the rheometer immediately before gelation, and the top plate was lowered rapidly so that the gel formed a uniform disk between the two plates. To prevent dehydration of samples, the exposed gel surfaces within the rheometer geometry were coated with mineral oil (Sigma), except for the crosslinked collagen. Gelation was monitored with continuous oscillations at a strain of 0.01 and frequency of 1 rad/s, and mechanical tests were conducted once the storage modulus reached an equilibrium value; for stress relaxation tests, strains were applied with a rise time of 0.1 s, except for experiments with a constant strain rate. For the stress relaxation tests at different strain values, only one stress relaxation test is conducted on any given sample. For the double stress relaxation tests, the first strain is applied for 5 min on a fresh, previously unstrained sample, followed by a recovery time of 0-5 min, and subsequently the second strain is applied for another 5 min.
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SI Materials and Methods
Definition of Stress Relaxation Time Constant. To quantify the rate of stress relaxation, a time constant (τ) was defined as the time at which the elastic modulus relaxes to the halfway between the initial modulus and the equilibrium modulus at the end of stress relaxation test (Fig. S4A) . The time constants for each stress relaxation test were a measure of how fast stresses were relaxed in a material and were normalized by the time constant from the stress relaxation test with the lowest applied strain for that material.
Selecting the Initial Elastic Modulus in a Stress Relaxation Test. For stress relaxation tests at very low strains, some noise of the measured stress during earlier time periods of stress relaxation was observed, likely due to the noise level of the instrument and possibly over damped feedback of the stress-controlled rheometer. To remove the noise and select appropriate value for the initial modulus, a median filter was used with a window size of 20 points (Fig. S4B) . A median filter replaced each point with the median of neighboring points. Because stress relaxation tests were conducted at a constant strain, the initial elastic modulus for each strain was selected on the filtered line at the time when the applied strain first reached the designated value.
SDS/PAGE Analysis of Fibrin Cross-Linking. The degree of covalent cross-linking in the fibrin networks without factor XIII was analyzed by electrophoresis with a polyacrylamide gel (SDS/PAGE), following a previously published method (19) . At first, fibrinogen stocks containing factor XIII and depleted of factor XIII were polymerized at 37°C by adding human thrombin. The polymerization was then stopped by adding Laemmli buffer (Bio-Rad) with 2-mercaptoethanol (βME) after 45 and 90 min, and the gel was decomposed by pipetting, followed by heating at 100°C. Samples were analyzed by electrophoresis on a polyacrylamide gels along with a standard protein to confirm the size of protein within the samples. Coomassie blue staining was performed on the gel with destaining. The crosslinking of the fibrin with factor XIII was significantly enhanced over time in the unpurified fibrin as indicated by the band showing γ-γ dimers, which represent cross-linking of fibrin appear after polymerization. In contrast, a band of γ-γ dimers was not found in the purified fibrin gel, confirming that factor XIII has been depleted.
Image Analysis Network Structure Under Shear. To demonstrate the structural deformation of collagen network during shearing, collagen gels were polymerized within a customized shearing device. This device consisted of a transparent shear cell in which controlled planar shear deformation could be applied, within a plane parallel to that of the microscope slide (x-y plane, Fig. S7A ) so that shear deformation could be directly imaged. The device was placed on a laser-scanning confocal microscope (Leica SP8). Images of collagen gels were taken on the x-y plane (Fig. S7A ) with confocal reflectance microscopy using a 25×/0.95 N.A. water-immersion objective and 488-nm wavelength light for excitation. Images were taken before, during, and after a shear deformation of γ = 0.4 (Fig.  S7A) . The images were analyzed using a previously described algorithm (46) to detect fibers in the network. Briefly, the image was first smoothed with a Gaussian filter and formed as a binary image with a threshold so that foreground pixels represent fibers. Next, the distance from each foreground pixel to the nearest background pixel was calculated. Nucleation points were formed based on the local maximal ridge of the calculated distances. The trajectory of the fibers was defined by connecting nucleation points. The orientation of each fiber was calculated as the angle of the line connecting the end points of each fiber.
Development of Computational Simulations of Stress Relaxation Tests.
Entropic model. To verify the proposed mechanism in the present work, we first implemented a previously published isotropic entropic model (2) to capture the nonlinear strain stiffening of collagen. According to the model, the force-extension relation of single semiflexible polymers or fibers is given by the following:
where ΔL and f are the extension and the force exerted by a fiber, and L c and l p are contour and persistent length, respectively. In our computational simulation, the persistence length and the contour length of collagen are 20 and 2 μm, respectively, similar to previous reports (1). The force-extension relation is further modified by introducing a stretch modulus K to account for filament or fiber extensibility, and the result (2) is as follows:
The physical meaning of K is a longitudinal compliance of fibers. So, K ≈ ∞ would indicate inextensible fibers. The best-fit value for the stretch modulus of collagen to describe the experimental data was found to be ∼22 nN. As in the previous model, our model considered the elastic behavior of random isotropic networks of single fibers linked together at nodes, with the assumption that fibers can freely rotate around nodes. For the distribution of the initial length of fibers in the unstrained network, we used the previously suggested equilibrium distribution function of lengths of semiflexible inextensible fibers (2, 47) as below:
where r is the length of fibers. A shear strain is applied to the networks and the original position of each fiber R i is transformed into R f = QR i with an assumption of affine-deformation on the matrix. The deformation matrix Q is defined as follows:
where γ is the applied strain. Under strain, each fiber exerts a force based on its length that is derived from the modified force-extension relationship. The shear modulus of the networks can be calculated as follows:
where μ is the number of fibers per unit volume, PðrÞ is the probability distribution for end-to-end vectors of fibers in the unstrained configuration. The number of fibers per unit volume μ is dependent on mesh size (ξ) of networks and can be calculated as μ ≈ 3=ξ 3 as done previously. Nonentropic model. Besides the evaluating the impact of forcedependent unbinding of bonds between collagen fibers in the entropic model developed by Storm et al. (2), we also incorporated forcedependent unbinding of collagen fibers into the nonentropic model from Brown and colleagues (7) . In this model, thermal fluctuations are not considered important and the nonlinear elasticity arises from the alignment of fibers along the direction of strain. The nonentropic model that we implemented is the three-chain model, a simple and traditional model to describe the networks using n/3 single chains in three orthogonal directions. As the model developed by Brown et al. was derived for uniaxial tensile tests, we modified the model for the context of shear deformation, relevant to our experiments.
In the three-chain model, fibers along with the vertical direction are extended due to shear deformation. The length of undeformed fiber and each side of cube are L. In the shear deformation, the length of the deformed fibers is calculated by λ c L, where λ c = ð1 + γ 2 Þ 0.5 , and γ is shear strain. The deformation gradient tensor can be obtained as Q above, and then the right CauchyGreen strain tensor is given by C = Q T Q. Generally, there are two different contributions to the strain energy of the network under deformation; the deformation of fibers and the change of volume. However, under shear deformation, we can assume that there is no volume change and that strain energy results only due to the deformation of fibers. Thus, the strain energy per unit reference volume due to the deformation of the fibers is given by U = vLGðλ c Þ, where v = 3 ffiffi ffi 3 p =L 3 is the number of fibers per unit reference volume and Gðλ c Þ is the strain energy per unit reference length of the fiber. The force-extension relation for each fiber can be calculated by f ðλ c Þ = dGðλ c Þ=dλ c . As the force-extension relation of a collagen fiber is considered as nonentropic in this model, we assume a linear relation of f ðλ c Þ = EAðλ c − 1Þ, where E is the Young's modulus and A is cross-sectional area. The second Piola-Kirchhoff stress tensor S is obtained by S = 2ð∂U=∂CÞ. The Cauchy stress is given by σ = ð1=detðQÞÞQSQ
T . The shear stress can be calculated by σ 13 = S 13 + γS 33 , where S 13 = 2ð∂U=∂C 13 Þ, and S 33 = 2ð∂U=∂C 33 Þ. By the use of chain rule, we derive that S 13 = vLf ðλ c Þðð1 + γÞ=3λ c Þ, and S 33 = vLf ðλ c Þðð1 + γÞ=6λ c γÞ. Finally, the shear modulus of the network for three-chain model can be calculated as follows:
Force-Dependent Unbinding. Next, we incorporated time dependence into the models by using a modified version of the Bell model. The Bell model (28) was originally proposed to describe force-dependent reaction rate of the number of bonds between two cells. The Bell model was originally posited as follows:
where N b is the number of bound receptors between cell A and cell B, N A and N B are the total number of receptors for cell A and cell B, respectively, and F is a total force exerted on the cell-cell interactions. The Bell model shows that the number of bound receptors is dependent on the force exerted on the bonds. Similarly, we also assumed that the bonding of fibers in the networks is dependent on the force exerted by the fibers on the bonds linking the fibers together. Because we needed the binding probability of fibers, instead of the number of bonds itself, the Bell model equation was divided by the total number of fibers (N A ), equivalent to receptors of the Bell model, and N b =N A was relabeled p b , or a probability of a single fiber being bound. In addition, we can substitute F=N b to f as a force exerted by a single fiber on the bond, which can be determined by the force-extension relation of the single fiber, and k b N B to k ' b as a new constant, because k b and N B are both constants. This resulted in what is shown as Eq. 1. During each time step of the simulation, each fiber was tested as to whether it unbinds or not. To determine whether a fiber under strain was unbound from the network, a number randomly generated from uniform distribution between 0 and 1 was compared with p b for each fiber. When the random number was greater than the p b , the fiber was unbound from the networks, leading to a decrease in the elastic modulus, as the fiber cannot contribute to the elastic modulus when not bound to the network. The probability of binding of fibers started with 1 at the initial time point for stress relaxation. During a stress relaxation test, the probability of binding decreased due to the forces exerted by fibers resulting from strain on the fibers, leading to fiber unbinding. Unbound fibers were allowed to rebind to the network with a constant probability at each time step. For the entropic model, the rebinding nodes can be anywhere around the unbound fiber due to the isotropic configuration. Furthermore, it is assumed that the rebound fiber may still carry a force, because the force may not have been relaxed completely and due to thermal fluctuations, so its value was randomly selected from a uniform distribution between zero and its original force before unbinding. In contrast, for the nonentropic model, the rebound fiber is assumed to carry the original force, because the rebinding nodes, where unbound fibers rejoin to the network, are restricted as cubical vertices when undeformed. The best fit for the value of the probability of rebinding to the experimental data was found to be ∼0.5. Although there was little existing experimental data that could guide selection of the constants k ' b , k u , and γ c , it was found that stress relaxation is enhanced with increasing strain over a wide range of values for each parameter. At longer timescales, force-dependent unbinding due to Bell kinetics is balanced by rebinding of unbound filaments, leading to an equilibration of stress, deviating from the experimental results (Fig. S10) . However, the model results demonstrate the key point that force-dependent unbinding leads to strain-enhanced stress relaxation.
Force-Clamp Spectroscopy with AFM. Force-clamp spectroscopy was conducted using an Asylum Research MFP3D-Bio system combined with a Nikon Ti-E base. AFM cantilevers (MLCT; Bruker) were functionalized with an collagen type I antibody (Fig. S9A) , using a previously established method (48) . Briefly, the cantilevers were cleaned with chloroform for 30 s three times, and then immersed overnight in 5 M ethanolamine-HCl in dimethyl sulfoxide at room temperature. After washing in PBS, the cantilevers were immersed in 25 mM bis[sulfosuccinimidyl] suberate (BS3; Pierce) for 30 min. After washing in PBS, the cantilevers were incubated in 200 μg/mL collagen type I antibody (C2456; Sigma) for 30 min to conjugate the protein to the tips. The functionalized cantilevers were rinsed and kept in 4°C before use. The binding of collagen type I antibody to the cantilevers was verified by incubating the antibody-functionalized cantilevers and uncoated cantilevers with a fluorescently labeled secondary antibody to the primary antibody, and then imaging the cantilevers (Fig. S1A) . For preparation of sample, collagen gels were formed on poly-L-lysine coverslips to promote the attachment of collagen to the surface. The sample was placed in PBS and forceclamp experiments were conducted. Before force-clamp experiments, the tip was approached to the gel to bind to collagen fibers, and then retracted. Lifetime measurements for this initial attachment between the antibody-coated cantilever tip and the collagen gel are reported at different forces (green dots, Fig. 5C ). Then the collagen-coated cantilever tips were indented into the gel until a trigger force (100 pN) was reached and retracted (1,000 pN/s) to a predetermined force. To promote binding of collagen fibers on the tip to collagen fibers on the gel, the indentations were held for a dwell time of 1 s. The time evolution of force curves was obtained and analyzed for quantifying the lifetimes of bonds. To demonstrate that the observed measurements were specific to collagen-collagen interactions, force-clamp experiments with the AFM tips without functionalization of the collagen type I antibody were performed, and showed that the range of attachment forces is significantly reduced due to the absence of the antibody (Fig. S9B) . As there are many antibodies on the cantilever that can bind to fibers, the unbinding force likely represents the detachment of multiple bonds between multiple fibers. Single-bond detachment events are observed during the constant force regime and suggest single bonds between collagen fibers to be on the order of 20 pN (Fig. S9C) . As single antibody-antigen bonds between an antigen and an antibody are known to be on the order of hundreds of piconewtons (49) , the observed unbinding events represent the rupturing of multiple weak bonds between collagen fibers. S2 . Creep tests on collagen gels with varying stress. A creep test was conducted by applying a constant stress to the gel and measuring the strain over time, as indicated by the schematic in the Inset. The flow of the matrix, indicated by the slope of the line, was enhanced at higher stresses. This finding can also be explained by the model of force-dependent unbinding of fibers proposed, with higher stresses leading to greater unbinding of fibers in the network and enhanced flow. Fig. S3 . Frequency-dependent shear rheology of gels measured at different strains, and strain-dependent shear storage moduli of different gels. Frequency dependent shear storage (G′, filled symbols), and shear loss (G″, empty symbols) moduli of (A) collagen, (B) rBM, (C) agarose, and (D) polyacrylamide gels at various strains. (E) Oscillatory strains with increasing amplitudes were applied to the materials and shear storage moduli were measured. Collagen, fibrin, and rBM showed strain stiffening, but polyacrylamide and agarose were almost linearly elastic without significant change in modulus. Fig. S4 . Analysis of stress relaxation tests. (A) Schematic describes how the time constant (τ) of a stress relaxation test was defined. τ was defined as the time when the initial modulus reaches the average of the initial modulus and equilibrium modulus at the end of stress relaxation. (B) A median filter was applied to noisy stress relaxation test to select the initial elastic modulus. This filter was only necessary for stress relaxation tests at very low strains. The initial elastic modulus for each strain was chosen on the filtered line at the time when strain reaches to desired value. The force-dependent unbinding curves obtained from the force-clamp experiments without functionalization of the AFM cantilever with a collagen type I antibody. These measurements represent the rupture of nonspecific attachments between the AFM cantilever and the collagen gel. Importantly, these are much lower than the force rupture measurements for the functionalized cantilevers (Fig. 5C ). (C) Typical raw data of forceclamp experiments with the functionalized AFM cantilever tips show individual rupture events of on the order of 20 pN. Red checkpoints represent breaking individual fiber bonding. . Shear fluidization test of collagen gels with different strain impulses. The recovery of elastic modulus after a transient strain impulse, followed by removal of strain. The response for each impulse was normalized to its preimpulse value.
